Introduction
A number of biophysical barriers can prevent circulating agents from accumulating at tumour sites at satisfactory levels. Thus, the delivery efficiency of drug molecules as well as imaging agents can be very low. The biophysical barriers include the sequestration in the reticulo-endothelial system (RES) organs [1, 2] , cellular uptake by immune cells [3, 4] , degradation by protein absorption (opsonization) within the blood flow [5] , low permeability of the blood vessels and adverse interstitial fluid pressure in solid tumours [6] [7] [8] [9] [10] . Therefore, the freely administrated drug molecules cannot be efficiently delivered into the tumour site. For instance, only less than 0.1% of the injected drug molecules can be found in 1 g of tumour tissue, signalling the inefficient delivery of these free molecules. However, when these molecules are encapsulated into liposomes, their peak accumulation can be improved by one or two orders of magnitude. Thus, it opens a new avenue for the nanoparticle (NP)-based drug carriers to efficiently deliver the drug molecules or imaging agents into the diseased sites.
In cancer treatment and imaging, the standard strategy for maximizing NP accumulation at the tumour sites relies on the enhanced permeation and retention & 2015 The Author(s) Published by the Royal Society. All rights reserved.
(EPR) effect [11] [12] [13] [14] . At the tumour sites, the vessel walls tend to be discontinuous with fenestrations. The size of these fenestrations is approximately 100-200 nm for mice, depending on the tumour type, stage and location [11] . Therefore, sufficiently small NPs (smaller than the size of fenestrations) can passively exit tumour vessels and diffuse into the tumour tissue. The accumulation of these NPs usually reaches a peak 12-24 h after injection. Then, these NPs should be sterically stabilized and opsonization-resistant within the blood flow, in order to allow long circulation times (hours to days). However, major RES organs, such as the liver and spleen, are also characterized by a fenestrated endothelium and adopt the same mechanism to sequester the foreign circulating objects, i.e. drug molecules and NPs. Thus, not surprisingly, most of the systemically injected drug molecules and NPs accumulate in the RES organs. In addition to this, we should emphasize that the EPR-based delivery strategy is solely and exclusively limited to cancer therapy and imagining, and does not provide a general method for drug delivery, as discussed by Nie [15] . Therefore, the design principle for drug carriers has been extended by not only considering the EPR effect (passive targeting) but also the local environment (active targeting), such as pH value [16, 17] , for targeted drug delivery.
Up to date, there are several classes of NPs demonstrating promising properties as therapeutic carriers, such as solid lipid NPs, liposomes, quantum dots, dendrimers and polymer micelles. By loading the drug molecules into these NPs, their bio-distribution, pharmacokinetics and toxicity can be dramatically improved, in comparison to their freely administrated counterparts [19] [20] [21] . Nevertheless, the accumulation of these NPs in the diseased sites is still undesirably low and can be improved. To resolve this issue, there are many strategies developed for designing efficient NP-based drug carriers [22] [23] [24] . For example, vascular targeting has been proposed as a general strategy to enhance the concentration of NPs and the associated drug molecules, within the diseased tissue. In this case, injected NPs are decorated with targeting moieties (ligands) that specifically recognize and firmly bind to the over-expressed specific receptors on the abnormal vessels walls [25] [26] [27] .
The physiochemical properties of NPs, such as size, shape, surface functionality and stiffness (4S parameters), can affect their biological clearance [18, 23, 24, 28, 29] . Therefore, NPs can be modified in various ways to extend their circulation time [13, 14] . In the past decades, the design of NPs for biomedical applications has been advanced by studying their biological responses. The evolution of the NP carriers has followed advances in understanding of how 4S parameters affect their efficacy. As shown in figure 1 , there are three generations of NPs developed for biomedical applications [18, 23] . In the first generation of NPs, they are functionalized with basic surface chemistries (charges/ ligands) and are evaluated through their biocompatibility and toxicity. However, these NPs are unstable and usually internalized by the immune cells (macrophages) during circulation. To overcome these problems, in the second generation, the surfaces of NPs are grafted with polymer chains, improving their water solubility and allowing them to avoid aggregation and opsonization. Compared with the first generation, the second generation of NPs demonstrate improved stability and targeting in biological systems. However, the active targeting of these NPs to the tumour cells or other diseased cells is still disappointing. Thus, the thirdgeneration NPs shifts the design paradigm from stable materials to 'intelligent' and environmentally responsive materials with improved targeting capabilities. Local environmental (i.e. pH value) changes cause the properties of these NPs to change in a prescribed way. Here we should emphasize that although the design of NPs shifts from the first generation to the third generation, the first-and second-generation NPs still have many applications in different areas, but their behaviours are still poorly understood. Moreover, a comprehensive understanding on the first-and second-generation NPs will help us to efficiently design the third-generation NPs, which will be pursued in this study.
When the NP-based drug carriers are injected into the blood flow, they will experience several important steps during their life journey to be delivered into the diseased site [28] : (i) microcirculation with red blood cells (RBCs), white blood cells (WBCs), platelets and many others in the blood flow, (ii) firm absorption by the vessel wall around the tumour site, (iii) diffusing to the tumour site, and (iv) recognition and uptake by the tumour cells. Owing to the complexity of drug delivery process, Figure 1 . Evolution of the design of nanoparticles with their properties and biological challenges. MPS, EPR and PEG denote mononuclear phagocyte system, enhanced permeation and retention and polyethylene glycol, respectively. See the main text for more discussions. Adapted from [18] . (Online version in colour.) rsfs.royalsocietypublishing.org Interface Focus 6: 20150086 it is usually difficult to trace the behaviours of NPs step by step in this process and understand their behaviours. On the contrary, with the advancements in computational modelling, the behaviours of NPs within blood flow and their interactions with disease cells can be more accurately quantified [18, 28, [30] [31] [32] . Therefore, the detailed physical mechanisms underpinning the NP-mediated drug delivery can be understood through these simulations, which will be useful in guiding the design of NPs with high efficacy. This paper is organized as follows. Section 2 summarizes the current knowledge of NP-mediated drug delivery by focusing on the transport of NPs within the blood flow and their subsequent internalization by diseased cells. The effects of NP size and shape will be further explored through immersed molecular finite-element method (IMFEM) simulations in §3. Section 4 will demonstrate how the NPs' shape and surface functionalization will influence their internalization behaviours. Finally, §5 concludes the present study and discusses the future research directions with the advancements in multiscale modelling. 
. Margination behaviour of nanoparticles
Blood is a dense suspension of deformable cells in plasma, with RBCs comprising approximately 35-45% by volume while WBCs and platelets occupy less than 1%. The volume fraction of RBCs is called haematocrit. In large vessels, due to the high shear rates, blood can simply be modelled as a Newtonian fluid. However, in the microcirculation and near the vessel walls, the transport, rolling and adhesion dynamics of NPs are affected by the presence of RBCs. In particular, it is well documented that fast moving RBCs tend to push circulating WBCs and NPs laterally, thus affecting their dynamics and wall deposition [26, 33] . Therefore, in the microcirculation and in proximity of the vessel walls, the potential importance of non-Newtonian effects warrants careful investigation.
In experiments, different components in the blood flow, including the RBCs, WBCs, platelets and NPs, are found to segregate under normal physiological conditions [34, 35] . The RBCs tend to migrate away from the vessel wall and concentrate in the middle of the vessel. Thus, a 'cell-free layer' is formed near the vascular wall, which is approximately 1 mm thick [36] . However, the WBCs, platelets and some of the NPs prefer to migrate into this 'cell-free layer'. This behaviour is called 'margination'. In NP-mediated drug delivery, the drug molecules can be more efficiently delivered to the tumour through the margination behaviour of NPs, which increases NPs' interaction with the vascular wall. This allows the NPs to better 'sense' the biophysical and biological abnormalities, such as the presence of fenestrations or the expression of specific receptors, on the surface of endothelial cells. Afterwards, the NP can firmly adhere to the vessel wall under flow, if the hydrodynamic forces are balanced out by the interfacial adhesive interactions between the NP and vessel wall. The adhesive interaction can be specific, i.e. formation of ligand-receptor bonds, and non-specific, i.e. van der Waals, electrostatic and steric interactions. Margination and the subsequent adhesion of NPs to the endothelium allow the NPs to transmigrate across the endothelial wall and enter a diseased area of tissue, eventually delivering the drug molecules. Therefore, irrespective of the targeting mechanism (specific or non-specific), an efficient drug carrier should be able to migrate into the 'cell-free layer' at the tumour site, thereby maximizing its interaction with the tumour vascular wall.
4S parameter effects on margination propensity
Margination propensity depends on the 4S parameters of NPs. The effects of these parameters on NP margination are summarized in table 1. The size of the NP is an important parameter in designing drug carriers. The NPs smaller than 10 nm will be cleaned from the blood stream through the kidney or via extravasation from a tumour [49] . However, the NPs larger than 200 nm are at risk of being filtered out by the liver or spleen or destroyed by the bone marrow. Charoenphol et al. [40] studied the NP size effect by using spheres with diameters ranging from 0.5 to 10 mm in the blood. The margination propensity is found to increase with the sphere diameter. Recently, Lee et al. [38] explored the NP size effect through combined in vivo and in silico studies, by using spherical polystyrene NPs with diameters of 10-1000 nm. The simulation and experimental results confirm that larger NPs (greater than 500 nm) can migrate into the 'cell-free layer', while smaller NPs (less than 200 nm) are mostly trapped between RBCs in the core region. However, to date, there is not a consensus on an optimal NP size for margination [31, 34, 37, 38, 40] .
The margination and adhesion of different shaped NPs have been theoretically and experimentally (in vitro) studied. Spherical, quasi-hemispherical and discoidal NPs have been compared [34, 35] . Thin discoidal NPs are found to exhibit larger lateral drift velocities (migration rate) than other NPs, under the influence of hydrodynamic forces [34, 35] . These results indicate that thin discoidal NPs more probably interact with the vascular wall. Some of the theoretical, in vitro and in vivo experimental results have revealed that thin discoidal particles can more firmly adhere to the lateral walls under shear flow when compared with spherical and slender [45 -48] rsfs.royalsocietypublishing.org Interface Focus 6: 20150086 cylindrical particles [26, 50, 51] . The thin discoidal NPs are observed to offer a larger surface of adhesion and a smaller cross section, leading to lower hydrodynamic forces and larger adhesive interaction. Similarly, Gentile et al. [35] found that disc-shaped and hemispherical NPs migrated more compared with their spherical counterparts. Moreover, gold nanorods exhibit much higher margination propensity than gold nanospheres, as revealed by Toy et al. [37] . The evidence clearly demonstrates that NP shape can dramatically affect their vascular dynamics. The effect of NP stiffness has been explored through the margination of WBCs. Freund studied the mixture of RBCs and WBCs in flow [45] . When the stiffness of RBCs was enlarged by a factor of 10, the observed change of margination propensity for WBCs was negligible. Thus, the author concluded that the deformability of RBCs does not affect the margination behaviours of WBCs. Kumar & Graham [46] modelled a dilute suspension of elastic capsules under simple shear flow. Contradictory to the results reported by Freund [45] , they found that stiff particles (such as WBCs) tend to marginate, while the soft ('floppy') particles (such as RBCs) accumulate near the centre of the channel [46] . Later, they studied a system containing both type of particles and found that the stiff and soft particles mimicked the behaviours of WBCs and RBCs in the blood flow [47] , respectively. The margination of stiff particles is attributed to the heterogeneous collisions between these particles [48] . Recently, the deformability (stiffness) of particles and its effect on transport in blood circulation has been noted by the group of DeSimone [52] . They adopted the PRINT approach, which is similar to the hydrogel-template strategy, to demonstrate that deformable microparticles (5 mm) with concave shape can circulate longer than their rigid counterparts [52] .
Through Monte Carlo simulations, Wang & Dormidontova [53, 54] have studied the binding between a spherical NP tethered with ligands and a planar cell surface with mobile receptors. The core size of the NP, grafting density, tether length and the per cent of functionalization by ligands are found to play important roles in the binding affinity of NPs for the cell surface. Radhakrishnan and co-workers [55, 56] have developed a Monte Carlo method to calculate the binding free energy between functionalized NPs and endothelial cell surfaces. The obtained results demonstrate that there exists a critical antibody density, below which the binding affinity drops dramatically. All these results demonstrate the important role played by the surface properties of NPs, i.e. grafted chains and their length, grafting density and ligand density. In addition, the shape and size of NPs are also theoretically found to have great influence on the adhesive strength [26, 50] . Thus, studying the binding affinity between NPs and vessel wall under the combined influence of the 4S parameters and the shear flow is essential to fully understand the mechanisms controlling drug-delivery efficacy [57] .
Although extensive experimental studies have been carried out to understand the effect of 4S parameters of NPs on their drug-delivery efficacy, many conflicting results have been reported for varied conditions. For example, Toy et al. [37] measured the margination of spherical NPs with diameters ranging from 60 to 130 nm in a bloodless solution. They found that the smaller NPs diffused much faster than larger NPs due to the Brownian motion [21] . However, through a combined in vivo and in silico study, Lee et al. [38] found that 1 mm NPs exhibited near wall dispersion, whereas 200 nm NPs were distributed randomly in the blood vessel when RBCs were present. The smaller NPs appear to get trapped within the spaces between RBCs, slowing their diffusion toward the vascular wall and suggesting that smaller NPs may not always be better. The different results reported by these studies are induced by different haematocrit. To resolve above controversy and provide a unified picture of how to design efficient NPs, we need to create a multiscale computational method for studying the vascular transport and deposition of NPs with different 4S properties, under the same relevant physiological conditions such as vessel diameter, shear rate and haematocrit.
Internalization of nanoparticles
After the NP approaches the surface of tumour cells, it has to be internalized to deliver the attached drug molecules into the interior of the cell. This process, so-called 'endocytosis', involves several important steps: (i) NPs are specific-bound to the cell membrane, (ii) NPs are wrapped by the membrane and a membrane-bound NP complex is formed, (iii) an early stage endosome is formed due to the pinching-off of the membrane budding, and (iv) endosomal release of the NP during the late stage of the endosome. Note that endocytosis is also an important process for cells to internalize small molecules, such as proteins and other macromolecules.
The size and shape of NPs have been identified as two key parameters to control their internalization behaviours [58 -60] . Aoyama and co-workers explored the size effect of endocytosis in the subviral region, by using the lipophilic CdSe quantum dot coated with trioctylphosphine oxide [59] . Comparing the NPs with different diameters, i.e. 5, 15 and 50 nm, they found a dramatic size effect as 50 ) 15 ) 5: Later on, Chan and co-workers have systematically studied the NP size effect by using Au NPs with different diameters from 10 to 100 nm [60] . The uptake half time of Au NPs with diameters of 14, 50 and 74 nm is 2.1, 1.90 and 2.24 h, respectively. Again, they find that Au NPs with diameter of 50 nm can be most efficiently taken up by the diseased cells. Thus, both the kinetics and saturation concentrations of NPs can be highly influenced by their physical dimensions. They also explored the potential NP shape effect by using the spherical and rod-like NPs. The NP uptake is found to be dependent on the shape and uptake of rod-like NPs is less efficient than their spherical counterparts [60] . For instance, 500 and 375% more 74 and 14 nm spherical NPs can be internalized by cells than 74 Â 14 nm rod-like NPs, respectively. Further studies reveal that the local curvature of non-spherical NPs controls the endocytic kinetics when the NPs approach the cell surface [61, 62] .
To understand the NP size and shape effects, both theoretical and computational studies have been pursued in the past years [63] [64] [65] [66] [67] [68] . The pioneering work done by Gao et al. [63] points out that the endocytosis of NPs relies on competition between the bending of membrane and diffusion of free receptors to the docking site when the NP approaches cell surface. Therefore, both small and large NPs cannot be efficiently taken up due to the energy barrier of membrane bending and limitation of free receptors, respectively. Their theoretical model predicts the optimal size of NP of approximately 25-50 nm [63] , which agrees well with previous experimental observations. However, due to the complex kinetic process involved during the endocytosis of rsfs.royalsocietypublishing.org Interface Focus 6: 20150086 non-spherical NPs, the theoretical study can only be used to qualitatively explain the NP shape effect. More information has been revealed through large scale molecular simulations (e.g. [67,69 -71] ). These simulation results show that the spherical NPs are the most efficient carriers to be accepted by diseased cells. The membrane bending energy is the major reason why the non-spherical NPs are less efficient to be delivered into the diseased cell. The kinetics of endocytosis plays an important role in design of drug carriers. For instance, the efficacy of drug carriers does not only depend on how many, but also relies on how fast they can enter the diseased cell. As demonstrated in the present study, both the NP surface property and shape can dramatically affect the endocytic kinetics, which should be taken into consideration in the design of drug carriers.
In recent years, the stiffness of NPs has also been recognized as a key parameter to control their endocytic kinetics. Theoretical [74] , computational [75] and experimental [76, 77] studies have uncovered that the stiff NPs can be more easily internalized by cells, comparing with their soft counterparts. The theoretical model developed by Yi et al. [74] has excellently explained how the stiffness of NPs can control their internalization. For example, when a soft NP approaches the cell membrane, it can spread out on the cell surface with a large wet angle. Then, the highly spread out NP introduces a large local curvature at the spreading front. In this way, the endocytosis of a soft NP encounters a very large membrane bending energy barrier akin to the spread shape. Eventually, the membrane wrapping of the soft NP may be prevented by the large energy barrier (table 2) .
Molecular-specific NPs have been developed with the goal of improving tumour-specific accumulation. The surface of these NPs is coated with ligand molecules capable of recognizing and binding receptors expressed on the target cells [72] . Despite their extraordinary in vitro efficiency, this approach has demonstrated limited success in vivo. Potential reasons include changes in ligand binding affinity, ligand immunogenicity and constraints on the ligand presentation, particularly on small NPs with limited surface area. As a result, tumour targeting with molecular-specific NPs remains controversial, as highlighted by Nie and co-workers [15, 73] . Therefore, designing the surface functionality of the NPs is still a challenge, which needs to be further explored in detail.
Vascular transport of nanoparticles predicted
by immersed molecular finite-element method
Model and methodology
The IMFEM [78] [79] [80] [81] [82] [83] is a computational framework to concurrently deal with the relevant physical interactions in biological environments [80, 84, 85] , including fluid-structure interaction (FSI) [82, 86, 87] , cell-cell interaction [81, 88, 89] , thermal fluctuation [78, 79, 90] , electrokinetics [83, 91, 92] , self-assembly behaviour [79, [93] [94] [95] and other mesoscale and molecular effects [96] . In this work, the IMFEM will be used to simulate the blood flow as well as the microcirculation of NPs. In this case, the deformable RBCs will be immersed into a Newtonian fluid, representing the blood plasma. The microcirculation of NPs within the blood will be analysed as a function of the 4S parameters, and the local vascular conditions, i.e. vessel diameter and flow velocity. Then, the cell-cell, cell-NP and NP-NP interactions will be explicitly accounted for as described below and will be coupled with an Eulerian fluid domain within IMFEM. The NPs are treated as Lagrangian solids in the Eulerian fluid domain, as described in figure 2 . The FSI forces are calculated on the surfaces of RBCs and NPs, and subsequently distributed onto the surrounding fluid domain through a Dirac delta function or reproducing kernel particle method (RKPM) [97, 98] . The underlying governing equation for the Eulerian fluid is the Navier-Stokes equation, which can be directly solved by a fluid solver. The movement of RBCs and NPs is determined by the hydrodynamic forces and thermal fluctuations, as well as their interactions. The initial shape of the RBC is a biconcave discoid with its cross-sectional profile defined by a mathematical expression [81] . The deformation of RBCs is defined by a hyper-elastic, Mooney -Rivlin, strain energy function. The material properties of the RBC membrane have been calibrated from the experimental results on the uniaxial tension of a single RBC [99] , as given in figure 3 . The RBC -RBC interaction is described by a Morse-type potential, which has been theoretically provided by Neu et al. [100, 101] . To prevent overlap between RBCs and NPs in the simulations, we adopt a Lennard-Jones potential for RBC -NP and NP -NP interactions [31, 38] . To correctly capture the multiphase nature of the plasma-cell-NP mixtures, their interactions are also coupled with the Navier -Stokes equation for the fluid domain. The interaction forces are calculated for each element on the surfaces of RBCs or NPs by using a cut-off distance to determine which elements of nearby cells are within the domain of influence. The interactions forces are integrated over the surface area within the affected domain. The calculated forces on the surfaces of RBCs and NPs are distributed onto the surrounding fluid domain through the RKPM [97, 98] . These FSIs are also included into the equations of motion for the fluid domain. After solving the governing equations, the velocities of the fluid domain are interpolated onto the surfaces of RBCs and NPs, which ensures the no-slip boundary condition on the surfaces of RBCs or NPs. Here we should emphasize that although the fluid domain is modelled as a Newtonian fluid, the non-Newtonian behaviour [74 -76] rsfs.royalsocietypublishing.org Interface Focus 6: 20150086
in the microcirculation emerges from the multiphase mixture of RBCs and NPs, and is correctly captured through our IMFEM simulations. The IMFEM simulation of blood flow has been validated and verified through comparisons with the following experiments: (i) RBC deformation along the tensile and transverse directions when it is under uniaxial tension [99] , (ii) tanktreading behaviour of RBC under a shear flow [102, 103] , (iii) discharge haematocrit out of the vessel [104] , (iv) discharge haematocrit out of the vessel [104] , and (v) cell-free-layer thickness at different haematocrits [105, 106] , as discussed in our recent study [38] . For all of these cases, experimental results ). The experimental assumptions and results in (a) and (b) are reproduced with permission from [99] . The tank-treading behaviour of RBC under the shear flow has been observed in experiments by [102] . (Online version in colour.) rsfs.royalsocietypublishing.org Interface Focus 6: 20150086 are found to be in good agreement with our simulations, supporting the accuracy and validity of the proposed approach. After the model and methods are validated, the coefficient of radial dispersion D r of NPs regulating their near-wall accumulation in blood vessels can be determined through the IMFEM simulations. For a given number of NPs, N, the dispersion coefficient D r is defined as
where r i (t) and r i (0) are the distances of NPs to the centre of vessel at the time t and 0, respectively. Here the dispersion coefficient D r of NPs is obtained by averaging over all the NPs in the microcirculation. If the dispersion coefficient is positive, it indicates that NPs tend to accumulate near the blood vessel wall in the circulation. Otherwise, they will tend to circulate with RBCs in the blood flow. In this way, the dispersion coefficient provides an important characterization of a NP's efficiency as a drug carrier. The larger the dispersion coefficient, the better the drug carrier, as NPs that spend more time in the cell-free layer are more likely to adhere to vessel walls.
Effects of nanoparticle size and shape on microcirculation behaviour
To understand the NP size effect on its microcirculation behaviour, 100 rigid, spherical NPs with equal diameter (varying between simulations from 20 to 1000 nm) are randomly distributed within the capillary in the initial configurations, as described in figure 4 . Under the normal physiological conditions, we find that the deformation of RBCs modifies the local surrounding flow field. Specifically, the deformed RBCs are pushed away from the vessel wall and tend to accumulate within the centre of the blood vessel, leading to the formation of a 'cell-free layer'. The modified local flow field around RBCs dramatically changes the microcirculation behaviours of the NPs (cf. figure 4) . When the diameter of NPs is larger than 500 nm, the NPs are pushed away from the centre of blood vessel, due to the tumbling of RBCs. Thus, the large NPs migrate into the 'cell-free layer' and tend to accumulate near the vessel wall. Such margination behaviour of large NPs mimics WBCs and platelets during circulations. When the diameters of the NPs are smaller than 500 nm, they can stay within the space between RBCs during circulation. Interestingly, the NPs distributed within the centre of the blood vessel cannot escape away, as their movements are blocked The concentration of the RBCs is also found to play an important role in this process. For example, the trajectories of 100 and 1000 nm NPs in a capillary with different haematocrits, namely 0, 15 and 30%, are given in figures 5 and 6. Clearly, in the absence of RBCs (0% haematocrit), the NPs follow the streamlines without appreciable lateral drifting, regardless of the NP size. However, for the case with 15 and 30% haematocrits, lateral motions for NPs are found to deviate away from the core region and move toward the midline. The largest and more rapid fluctuations along the radial direction of the vessel were observed for the small NPs (100 nm in diameter), at the lower haematocrit (15%). Indeed, with a lower RBC volume fraction, the separation distance between adjacent cells is larger and NPs can more easily move through the circulating cells, thus leading to a more hectic NP dynamics. Overall, these results further demonstrate that larger, sub-micrometre-and micrometre-sized NPs can be more efficiently excluded by the vessel core, pushed laterally by the fast moving RBCs, whereas the smallest NPs would benefit far less from this exclusion mechanism and would stay confined with the vessel core for a longer time.
To quantify the effective dispersion of NPs during microcirculation, we further introduce the effective radial dispersion coefficient, defined as D r /D B , where D B is the diffusion coefficient of NPs induced by the Brownian motion. According to the classical Stokes-Einstein relation, we have
where k B and T are the Boltzmann constant and temperature, respectively, d is the diameter of particles and h is the viscosity of the fluid. Then, the effective radial dispersion coefficients for NPs with diameters of 100 and 1000 nm can be obtained and are given in figure 7a with haematocrits of 15%. The effective dispersion ratio D r /D B is larger for NPs in the vessel core and reduced for NPs in the 'cell-free layer'. Comparing with the 1000 nm NPs, the effective dispersion ratio is always smaller for the 100 nm NPs, signalling that the larger sized NPs are more efficient. Moreover, the contribution of RBCs to the dispersion of smaller NPs is relatively small. Finally, the NP shape effect can be explored by the same method. As given in figure 7b , the different shaped NPs, such as sphere, capsule and ellipsoid, can be studied and their lateral drifting velocities are calculated. The ellipsoid-shaped NP is found to more efficiently drift away from the core region of the vessel. Further studies will be pursued to understand the NP shape effect in detail.
Molecular simulation on internalization of nanoparticles

Model and methodology
To study the internalization behaviour of the NPs, we adopt the dissipative particle dynamics (DPD) method [107, 108] , which can accurately account for the hydrodynamic interactions by considering the water molecules explicitly. In the DPD method, a single bead represents a group of atoms or molecules. Thus, DPD can approach larger temporal and spatial scales in comparison to classical molecular simulations. Additionally, the interactions between different molecular species can be accurately reproduced by the conservative rsfs.royalsocietypublishing.org Interface Focus 6: 20150086 force in the DPD simulations [71, 109] . As a result, the DPD method is well suited to study the endocytosis of NPs as different molecules involved.
As presented in figure 8 , the lipid molecule is represented by the H 3 (T 5 ) 2 model. Each lipid molecule consists of a lipid head with two tails, formed by three hydrophilic (H) and five hydrophobic (T) beads, respectively. Then, the neighbouring beads are connected together by a simple harmonic spring. To ensure the linearity of the lipid heads and tails, a harmonic bending potential is applied on the adjacent three beads. To represent the hydrophilic/hydrophobic property of the head and tail beads, the repulsive interaction parameters for the same type of beads are the same; while it has been enlarged for different beads. Then, the lipid molecules can self-assemble into a stable lipid bilayer in the water environment. For the detailed set-up of the DPD simulation, the readers are referred to our previous studies [71, 109] . For the model of NPs, we consider that the NP is formed by a rigid core with a surface coated polymer [110] . A typical model system will be the PEGylated Au NPs, with the core and shell representing Au NP and PEG polymer, respectively. In the DPD simulation, the relative position of the core beads for the NP is fixed by considering a Each pair of beads on a tethered polymer chain is connected through a harmonic bond with adjacent three beads constrained through a harmonic bending potential, ensuring the persistent length of the polymer chains is realistic. The potentials of the bond and angle are calibrated through the statistical distributions of the bond and angle of the PEG polymer immersed into the water, which are obtained through the all-atomic simulations [109] . In this way, the conformation of the tethered PEG polymers can be accurately represented in our DPD simulations. All the potential parameters for the grafted PEG polymers and their interactions with lipid molecules are reported in our recent studies [71, 109] . The representative DPD models for PEGylated NPs are shown in figure 8 . With these models at hand, the internalization of PEGylated NPs can be studied by our DPD simulations.
Here we assume that the NPs have already reached the tumour cells in simulations. Therefore, the endocytosis of these NPs by the cell can directly indicate the efficacy of these drug carriers in treating the disease. To mimic the receptormediated endocytosis in our simulations, the cell membrane is considered to contain rich-receptor embedded regimes, which is the typical situation for tumour cells. Then, the free ends of tethered PEG chains are covalently bound with specific ligands, which can recognize and bind with these receptors. In this way, our simulation model could well reproduce the receptor-mediated endocytosis pathway [71, 109] .
Effects of nanoparticle surface functionality and shape on internalization behaviour
The endocytoic kinetics of the PEGylated NPs with spherical core are given in figure 9 . The diameter of the core is approximately 8 nm and the molecular weight of tethered chain is approximately 838 Da, which falls within the experimentally relevant range. Owing to the different grafting density of PEG, we can observe quantitatively different behaviours of these PEGylated NPs. For example, when the grafting density is low, e.g.
chains nm
22
, the PEGylated NP can be absorbed on the surface of cell membrane at the beginning. However, after a long simulation time (more than 2000 ns), the PEGylated NP is still on the surface of membrane and cannot be delivered into the interior of the cell. When the grafting density has been increased to 1.6 chains nm
, the PEGylated NP will be wrapped by the cell membrane at the beginning, which is the so-called 'membranebending' stage. This is followed by the 'membrane-extruding' stage, as the upper leaflet of the membrane will extrude to wrap around the surface of the NP. Eventually, the NP will be fully wrapped by the membrane and form a NP-membrane complex. In this way, the PEGylated NP can be delivered into the diseased cell for targeted drug delivery.
Given these different behaviours of PEGylated NPs, we may wonder why the different grafting densities of PEG polymer play an important role. In our recent studies [28, 71, 109] , it has been revealed that three major free energy changes are involved during endocytosis: (i) specific ligandreceptor interactions, (ii) membrane bending energy, and (iii) non-specific entropy change of tethered chains. In these free energy contributions, the specific ligand-receptor interaction provides the driving force for the PEGylated NP to be wrapped by the lipid bilayer and eventually delivered into the cell. However, the bending energy change and the entropy loss of tethered chains create energy barriers, preventing the internalization of NPs. In this case, if the driving force provided by the ligand-receptor interaction is not strong enough to overcome the energy barrier created by the membrane bending and entropy loss of tethered chains, the NP cannot be internalized. According to the above argument, we have developed a theoretical method (mean-field approach) to estimate the entropy loss of the tethered chains [71, 109] . The free change per chain during this process is found to be approximately 1k B T, where k B and T are the Boltzmann constant and temperature, respectively. When the grafting density is low, i.e. 0.2 chains nm
, the corresponding entropy loss is also small. However, the ligand-receptor interaction is also weak, as the ligands are conjugated to the free ends of tethered chains. Thus, the PEGylated NPs cannot be internalized. On the contrary, the PEGylated NPs with large grafting density can be quickly accepted by the cell, as the specific ligand-receptor interaction is strong enough to overcome the energy barriers. These observations highlight the important role played by the surface functionalization of NPs during endocytosis.
The simulation results have also been compared with experimental studies on the J774A.1 uptake of PEGylated Au NPs in serum-free media, done by Walkey et al. [111] , as shown in figure 10 . When the grafting density of PEG polymer is high, the interaction between the PEGylated NP and cell membrane is very strong, due to the direct interactions between the distal methoxy group at the free ends of the PEG chains and the membrane surface proteins or lipids [111] . However, when the grafting density is low, the interaction between PEGylated NPs and cell membrane becomes very weak.
Thus, the PEGylated NPs with high grafting densities could be easily accepted by the cell; whereas low grafting density ones cannot. All these phenomena have been confirmed by molecular simulations and experimental results (cf. figure 10) . Nevertheless, the PEGylated NPs could enter the cell through other pathways, such as clathrin-mediated endocytosis, which is beyond the scope of this study [106] .
The NP shape is also an important design parameter for internalization. As demonstrated in figure 11 , the different shaped NPs display different endocytic kinetics, although they have the same ligand -receptor interaction with equal amount of grafted PEG polymers. The spherical, rod-like, cubic and disc-like NPs are compared with the same surface areas for their cores. Under a fixed grafting density, 0.6 chains nm 22 , the spherical NP can be most efficiently accepted by the cell, followed by cubic and rod-like NPs, while the disc-like NP can only be found on the surface of cell membrane. The related membrane bending energies are found to be about 8pk, [8, 12) pk, 12pk and 27.33pk for spherical, cubic, rod-and disc-like NPs [71] , respectively. k is the membrane bending modulus, of the order of 10-20 k B T [71] . Therefore, the different membrane bending energies for these NPs determine their efficiency during endocytosis.
We should emphasize that the effect of NP shape is always ambiguously evaluated in the experiments due to the interplay between the NP shape and its surface properties. For example, the different shaped NPs have different surface area-to-volume ratios, which makes discerning size effect from surface effect difficult, especially when only a few different shapes are considered. Besides, different shaped NPs have different numbers of ligands per grafted chain due to their different surface curvatures [112] . To clarify the shape effect of NPs, we can first fix the size (diameter) of spherical NPs, and then study the rod or disc NPs under equal surface area-to-volume ratio and ligand-to-graftedchain ratio. Such precisely defined conditions will allow us to unambiguously explore the shape effect of NPs during endocytosis, which is only achievable through computer simulations. 
Concluding remarks and perspective
In this work, we have demonstrated that the transport of NPs within the tumour microvasculature can be greatly influenced by their 4S parameters, such as size, shape, surface functionality and stiffness. The microcirculation of NPs and their subsequent internalization by disease cells can be understood through IMFEM and DPD simulations, respectively. The important roles played by the 4S parameters can be elucidated through these simulations. Thus, by combing the IMFEM with DPD simulations, the life journey of the NP-based drug carriers can be predicted through our multiscale modelling approach.
Through these multiscale simulations, fundamental mechanisms underpinning the NP-mediated drug delivery can be elucidated. These detailed physical insights can provide useful guidelines in the design of NPs. For instance, larger sized NPs are found to be able to migrate into the 'cell-free layer' through IMFEM simulations, whereas smaller sized NPs could be more efficiently taken up by the diseased cells through theoretical analysis and computer simulations. Based on these observations, a multistage delivery platform has been designed by Ferrari and co-workers [113] . In the design of this platform, biodegradable and biocompatible mesoporous silicon particles are used to carry nano-sized quantum dots or carbon nanotubes. During the microcirculation process, these mesoporous silicon particles can be more easily accumulated at the tumour sites due to the EPR and margination effects. Then, the carried NPs can be gradually released and diffuse into the tumour cells. Through receptormediated endocytosis and other pathways, these NPs will be internalized by tumour cells. Comparing with traditional design of NPs, this multistage platform has considered different physical mechanisms during the NP-mediated drugdelivery process. Note that the traditional design of NPs relies on the slow and inefficient 'Edisonian' approaches. Such a process is very time-consuming and cost-inefficient. According to the multiscale modelling approach, the design of NPs can be more easily achieved through these computer simulations. In the near future, we hope that simulationbased design paradigms can guide experimental design of next-generation NPs, with enhanced active targeting, low toxicity and limited side effects. rsfs.royalsocietypublishing.org Interface Focus 6: 20150086
